Cardiovascular disease (CVD) is a major cause of morbidity and mortality worldwide. Compared to traditional therapeutic strategies, three-dimensional (3D) bioprinting is one of the most advanced techniques for creating complicated cardiovascular implants with biomimetic features, which are capable of recapitulating both the native physiochemical and biomechanical characteristics of the cardiovascular system. The present review provides an overview of the cardiovascular system, as well as describes the principles of, and recent advances in, 3D bioprinting cardiovascular tissues and models. Moreover, this review will focus on the applications of 3D bioprinting technology in cardiovascular repair/regeneration and pharmacological modeling, further discussing current challenges and perspectives.
Introduction
As a major cause of morbidity and mortality worldwide, cardiovascular disease (CVD) currently remains a huge challenge for clinical treatments. CVDs, such as congenital heart disease, acute coronary syndrome, hypertension, and arrhythmias, account for N17.5 million deaths per year, and will predictably increase to 23.6 million by 2030 [1] [2] [3] . Cardiovascular tissue is fully differentiated and load bearing, and constitutes the myocardium, heart valves, and vasculature [4] . Adult cardiovascular tissue exhibits an inability to repair itself or self-renew after injury, due to the limited regenerative capacity of cardiomyocytes (CMs). In the later stages of cardiovascular disease, transplantation or replacement is usually the only therapeutic option [5] . Annually, it is reported that N80,000 heart valve replacements, and over 600,000 vascular implantations are performed in the United States alone, resulting in an approximate expenditure of $200 billion [3, [6] [7] [8] . These clinical implantations include autografts, allografts, xenografts, and artificial prostheses [7] . Cardiac implantation methods are majorly limited by the shortage of available donors and immune rejection. Additionally, blood coagulation, mechanical mismatch, and limited durability are other major concerns. As a promising alternative, cardiovascular tissue engineering is being explored to restore cardiac functionality, and replace abnormal or necrotic cardiovascular tissues [4, 9] . Based on an understanding of the pathogeneses of various CVDs, engineered cardiac tissue constructs can also serve as in vitro micro-physiological models for drug screening and disease detection [2, [10] [11] [12] . Compared to the inconsistencies of two-dimensional (2D) cell-culture and animal models, the engineering of 3D microenvironments is better suited to replicate the substantial cell-cell and cell-matrix interactions of native human tissues [13, 14] . The engineering of tissue for utility in cardiovascular regeneration is extremely challenging due to the inherent structural complexity of the associated in vivo tissue and as such, requires several considerations in the design process. Therein, the key elements for consideration include: (i) the cardiac tissue component (appropriate cell sources and biomaterial selection), (ii) structural characteristics (oriented myofiber and perfusable vascularization), (iii) mechanical properties, and (iv) physiologically relevant functionalities (electromechanical coupling and synchronous contractility) [9, 14, 15] . Although many advances have been made in tissue culturing methodologies, current approaches fail to achieve precise control of tissue structure, especially in a physiologically relevant manner [4, 15] .
Among the innovative manufacturing techniques that have been developed, 3D printing enables precise control over multiple compositions, spatial distributions, and architectural accuracy/complexity [16] . It is this notable control over the printing process that allows for the effective replication of native structural features, mechanical properties, and even functions of targeted tissues [16] [17] [18] [19] . 3D scanners, computed tomography (CT), magnetic resonance imaging (MRI) systems, and other imaging technologies, as well as computer-aided design (CAD) software, are employed to collect, draw, and digitize the complex structural information of native tissues in order to create 3D printable files, (typically stereolithography (STL) files) [16, 20] . Based on a highly precise, layer-by-layer building process, 3D printing techniques have been utilized to create patient-specific models for cardiovascular surgeons to visualize anatomical structures, thus facilitating a more comprehensive understanding of tissue abnormalities and promoting better surgical procedures [21] [22] [23] . For engineered active tissues/organs, 3D bioprinting is able to fabricate complex tissue architecture with spatiotemporal distribution of bioactive substances (cells, growth factors, and others) to better guide tissue regeneration [16, 19, 24] . It has been widely used to create bone, cartilage, neural, and vascularized tissues, cancer models, and, even 4D transformative constructs [25] [26] [27] [28] [29] [30] [31] [32] [33] [34] [35] [36] [37] [38] . In addition to applications in cardiovascular repair/regeneration, 3D bioprinted cardiovascular models are better able to represent the structural and physiological complexity of human tissues compared to other engineered tissue products. As such, it is able to facilitate the study of the molecular basis of cardiac function, and explore related signaling pathways, thus leading to more accurate predictions of therapeutic/toxicity responses [39] [40] [41] . Although the bioprinting technique is still in its early stages, we believe it would be a feasible approach to produce a robust, and physiologically relevant, cardiac model by replicating in vivo tissue composition, geometry, and complexity.
In this review, we present an overview of the cardiovascular system, as well as describe the principles and techniques of 3D cardiovascular bioprinting. We also discuss the bioprinting strategies used for creating functional cardiovascular tissues, including: cell sources, bioink selection, structural designs, and bioengineered approaches. Furthermore, we outline the recent advances in 3D bioprinting cardiovascular tissues/models for regeneration and pharmacological modeling applications. We conclude with a discussion of the current challenges and perspectives of cardiovascular bioprinting in both basic research and for clinical applications (Fig. 1 ).
Cardiovascular system and tissue models

In vivo cardiovascular system, cardiac tissue and disease
The cardiovascular system (Fig. 2) , includes the heart, blood vessels (arteries, veins, arteriovenous shunts, and capillaries), and lymphatic vessels [42] . It is a closed loop transport system that carries blood and lymph for circulation throughout the body. The constitutive elements of the circulating bulk include nutrients (such as amino acids and electrolytes), waste products, oxygen, carbon dioxide, antibodies, hormones, and blood cells [42] . This circulation of blood bulk works to provide nourishment and assists in combating diseases, stabilizing temperature and pH, and maintaining homeostasis [43, 44] . The heart is the most crucial organ of cardiovascular system, as it provides the means to circulate blood throughout the body by connecting the blood vessels (both arteries and veins) [16] . Functional contraction (beating) of the heart is critical for life from the early stages of embryogenesis through N100 years of life (several billion beats) [45] . The healthy adult human heart weighs 200-350 g and beats 60-80 times/min, which allows for a sustained average blood pressure of 120 mm Hg systolic and 80 mm Hg diastolic [46, 47] . The average cardiac output is 5 L/min at rest with a 60% ejection fraction, which increases with exercise to 15 L/min with up to an 85% ejection fraction [46, 48] .
The heart consists of several distinct anatomical units, including four chambers (the left/right atrium and the left/right ventricle), four valves and a heart wall [43] . The four heart chambers and associated valves control the unidirectional flow of blood through the heart, where the blood is pumped out of the semilunar/outflow valves (aortic and pulmonary) to the blood vessels of the systemic and pulmonary circulatory systems, and then returns through atrioventricular/inflow valves (mitral and tricuspid) [16, 44] . Each valve consists of three leaflets and a fibrous annulus wall (root wall), mainly containing valve interstitial cells (VICs), smooth muscle cells (SMCs), and valvular endothelial cells (VECs). The heart wall contains three layers: (i) the inner endocardium, which is primarily composed of endothelial cells (ECs) and acts as a blood-heart barrier; (ii) the middle myocardium, which contains 2-4 billion CMs associating with ECs and is the thick muscular layer responsible for contraction and relaxation of the heart; and (iii) the outer epicardium/pericardium, which is a double-walled fibroserous sac that serves to protect the heart tissue [42, 49] . In the myocardium, there is a high-density capillary network (3000/mm 2 ) which exists to ensure the metabolic activity of myocardium contraction, and the distance between CMs and ECs is no N2-3 μm [12] . Adjacent CMs form intercalated Fig. 1 . Schematic diagram outlined in this review, including the techniques of 3D cardiovascular bioprinting, bioengineering methods, and bio-applications in regeneration and pharmacology. Fig. 2 . Schematic diagram of cardiovascular system structure. Micro-physiological models of the 3D bioprinted heart have focused mostly on generating the myocardium, valve, and vessels.
disks, whereby intercellular junctions promote synchronous contractions via electrical coupling [12] . Further, the spiral arrangement of ventricular myocardial fibers allows coordinated force generation adequate to pump blood to the rest of the body. The involuntary contraction process is actuated by electrical impulses (or action potentials), which are generated spontaneously at the sinoatrial node to further transmit through the whole heart. These impulses propagate via the electrical conduction system (based on extracellular calcium ions flux), and the frequency (or the rate of potential) is modulated by the nervous system [50] . The blood vessels have complex unique structures in multi-scale and multilayer arrangements in this complex tissue. The inner diameters of blood vessels range from microscopic size,~5-10 μm for the smallest capillaries, to 30 mm, for the largest artery (aorta) [16, 51] . On the cellular level, a mammalian heart is composed of ≈20% to 30% CMs (roughly 75% of the heart volume) and 70% to 80% nonmyocytes (ECs, SMCs, and fibroblasts (FBs)) [2, 15, 52] . The multiple cell components of the cardiovascular system are intricately organized in a 3D architecture, which connects to each other through physical interactions, chemical bonds, and biological signals, in order to achieve synergic functionality in both a mechanical and electrical manner [53] . Extracellular matrix (ECM) networks of the heart, primarily in the form of twisted perimysial collagen fibers (but can also include fibrous proteins (e.g. collagen, elastin), adhesive glycoproteins (e.g. laminin, fibronectin, proteoglycans) orients in parallel with the long axis of cardiac muscles, and works to guide the anisotropic alignment of CMs as well as contributes to its non-linear passive stiffness [2] .
CVD includes coronary artery diseases (such as angina, and myocardial infarction (MI)), stroke, valvular heart disease, carditis, cardiomyopathy, aortic aneurysms, artery disease, thromboembolic disease, and venous thrombosis, among others, all of which have various underlying disease mechanisms. Therein, atherosclerosis is a common cause for the formation of blood clots (thrombosis) which can lead to stroke if they completely block the vasculature of the brain, or can cause heart attacks (MI) if they obstruct the coronary artery [54, 55] . More seriously, without the supplementation of oxygenated blood (ischemia), hypoxia (oxygen deprivation) of the cardiac cells can set off a series of complicated processes which can have considerably detrimental long-term effects on the heart and other tissues. These hypoxia-induced processes can include cell death, scar formation, and ventricular dysfunction that alter the overall cellular, structural, and mechanical properties of the heart, and can ultimately lead to heart failure [54, 56, 57] . In the treatment of acute CVD, current therapeutic approaches, including various drug and surgical interventions, have several notable disadvantages. Namely, these approaches have limited durability and efficacy, boast a high risk for drug toxicity and surgical complications, suffer from donor tissue shortages and immune rejection, and are plagued by the necessity for prolonged anticoagulation therapy. An alternative interventional approach involves stem cell therapy, such as cell injection into the myocardium. This approach is surgically less invasive, but has been shown to have low viability and weak host cell integration [51, [58] [59] [60] . Therefore, there is an urgent need to address these challenges to effective CVD treatment through the development of new therapeutic strategies.
3D cardiac tissue models
Currently, recreating the entirety of the cardiovascular system in vitro is formidable, cost-prohibitive, and largely superfluous for drug screening, disease treatment, and tissue repair applications. Alternatively, micro-physiological models of the heart have targeted the myocardium, the source of electrical propagation and force generation in the ventricles, as the minimal functional unit that could successfully model drug responses, disease states, and potential disease treatments [12] . 3D bioprinting offers a unique approach for generating this minimal cardiovascular functional unit, which can recapitulate the complex structure and functions of in vivo cardiac tissues with considerable fidelity. As such, a robust bioprinted cardiac model could be utilized for drug discovery and screening, pathophysiological and anatomical studies, cardiac surgery simulation, cardiac device development, and even advanced engineered tissue studies [2, 13, 14, 61] .
Compared to animal cardiac models, which display notable anatomical and physiological dissimilarities to that of man, the ability to outline clinically pertinent tissue architectures, and predict various physiological/biological responses, is an outstanding advantage for the development of 3D nonliving/living tissue models. The current approach for preclinical drug screening is through the utilization of animal models (primarily murine). However, it is these significant anatomical and physiological differences between the murine and human cardiovascular systems, such as in tissue structure, heart beating rate, and electrophysiological properties, which often leads to inaccurate predictions of the human cardiac tissue's response to various drug formulations [2, 12] . Additionally, increasing ethical concerns for animal usage in cardiovascular therapeutics research should be considered as well [12] . Therefore, developing in vitro models of human cardiac physiology is a promising solution to current limitations.
As mentioned above, the process of recreating physiological or pathological environments of the human heart in vitro is considerably challenging and involves various considerations pertaining to multicellular arrangement, anisotropic myofibers, orientation of the extracellular matrix, nerve supply, vascularization, circulation, as well as various mechanical properties, biological signals, and electrical conduction. The native myocardium requires coordinated electrical and mechanical activities of spatially-arranged CMs to perform its function [12] . As such, dysregulation of CMs can lead to pathological conditions such as reentry ventricular arrhythmia [12] . Current studies on 2D models focus on cellular alignments or patterns, ion channels, monolayer cell responses, and other aspects of cardiovascular tissue culture [12] . Although some additional techniques such as biomechanical stimulation and/or electrical stimulation have been applied to improve 2D cultures, they lack many essential anatomical and physiological features of cardiovascular micro-environments. Thereby, these 2D culturing methodologies fail to offer an effective strategy for regenerating cardiac tissue and by extension, are not suitable for developing disease model/drug screening platforms [2, 12, 51] .
Within tissue engineering approaches, fabricating 3D cellularized scaffolds is the most common method for creating 3D architectures. Although native tissues are devoid of exogenous materials, the limitations of current bioengineering and fabrication techniques constrain the development of scaffold-free 3D models [13, 62, 63] . One technique to model 3D tissues without scaffolding is through the generation of cell spheroids, which rely on the direct self-assembly of cells or cell aggregation to form 3D architectures, as is reported in many studies. However, the aggregation of cellular spheroids alone is not enough to replicate the mechanical and functional properties of native tissues. By comparison, the ordered construction of nonliving tissue scaffold material requires considerations for its structural and mechanical properties, as well as its processability, and biological activity [12, 13] . These tissue engineering scaffolds work to establish regenerative micro-environments within tissue constructs by providing 3D living space for CMs, leading to a more physiologically relevant model. Additionally, many standardized microfluidic−/microarray-based organ-on-chip systems have been reported for high-throughput drug discovery or toxicity testing [10, [64] [65] [66] [67] [68] [69] [70] . However, there are considerable challenges to the development of microfluidic or chip cardiac models, stemming from their limited ability to fully recapitulate cardiac niche elements (especially for complex architecture and biological characteristics) as well as to precisely organize multiple-cell distributions and regulate cell behaviors/ functions.
Advancements in biomaterials, engineering designs, and fabrication techniques, (particularly with emerging 3D printing techniques), provide an unprecedented opportunity to create anatomically relevant 3D tissues. 3D printed models created from imaging data offer the advantage of visual and haptic display, thereby enhancing the understanding of both tissue anatomy and pathologies [21, [71] [72] [73] . The applications of 3D printed cardiac models are vast in scope and include, but are not limited to: (i) assisting in diagnostics, (ii) optimizing therapeutic outputs, (iii) testing novel devices, (iv) assessing patient-specific suitability for treatments, (v) providing visualized insight for surgical procedures, (vi) allowing for performance of parametric studies on hydrodynamics, and (vii) validating computational simulations. Additionally, 3D printed cardiac models present a robust didactic and communication medium for students, patients, and the greater medical public [21, 23, 74] . So far, considering the requisite precision, formability, and stability of 3D printed models, current strategies for cardiovascular 3D printing in clinical practices have relied on robust, non-living manufacturing technologies. These technologies include fused deposition modeling, selective laser sintering, stereolithography and ink jetting. Whereas non-living printable materials have been used to 3D print cardiac models for surgical planning purposes, these non-living products do not fully represent the tissue properties and functions of the living myocardium to the same degree which is possible with living materials, and therefore, have a limited ability to assist in the accurate evaluation of the feasibility of surgical procedures. These non-living 3D printable products also have limited utility for the testing of medical devices, as well as for tissue implantation/replacement purposes.
With regard to functional living tissue, 3D bioprinting enables the production of 3D cellularized tissue constructs with accurate architecture and integration of various cell types. The resulting microenvironment of the printed construct more precisely resembles the native milieu, in turn promoting complex natural tissue formation in vitro.
3D bioprinting of the cardiovascular system
3D bioprinting is a set of rapid prototyping and additive manufacturing techniques, used to create functional living constructs, for achieving complex 3D architectures with high-precision, high-throughput, and high reproducibility as well as repeatability [16] . It provides precise control on placement of cells, and other bioactive factors to accurately mimic native physiological niches for pharmaceutical study, and to guide tissue regeneration for patient-specific therapy [16] . Specifically, in terms of bioprinting the tissue of the cardiovascular system, a printed construct must account for complex anisotropic structure (heart beating/contraction), perfusion (vascularization and blood pumping), mechanical adaptability, and electrical signal propagation.
3D bioprinting techniques of vessel and cardiac tissue
Currently, cellular bioprinting techniques, including droplet (inkjet), stereolithography, and extrusion bioprinting, have been developed to create cardiovascular tissues [6, 7, 16, 24, [75] [76] [77] . Table 1 summarizes the features of the common cardiovascular bioprinting techniques.
Inkjet based bioprinting
Inkjet based bioprinting (also called drop-on-demand bioprinting) implements various (thermal-, electric-, laser-) energy sources to generate ink droplets for patterned deposition [16] . This technique ensures relatively rapid fabrication, and is more suitable to generate structures with high resolution for soft tissue regeneration. Fluid drop densities, shapes, and sizes are controlled and can be ejected to predefined locations by adjusting energy parameters, to form the 3D construct with different concentration gradients. Multi-jet bioprinters consisting of multiple cartridges or reservoirs, enable different types of cells and biological components to be deposited synchronously. Moreover, inkjet bioprinting remarkably maintains over 80% cell viability. However, the application of inkjet bioprinters is also limited by material viscosity, cell density, and mechanical strength. To achieve droplet ejection, diminish nozzle clogging, and avoid high shear stresses, relatively low cell densities and low-viscosity bioinks (printable biomaterials) are required for this approach, leading to a lack of structural integrity and strength. Although additional crosslinking chemistry can address this disadvantage concerning mechanical strength, this approach may be difficult when printing high cell densities, and thus remains a challenge for creating viable cardiac constructs.
Extrusion based bioprinting
Extrusion based bioprinting (also called dispensing or direct writing bioprinting) utilizes pneumatic-, mechanical-, or solenoid inducedforces to extrude bioinks (including cell aggregates, cell-laden hydrogels, micro-carriers, and decellularized matrices) through a syringe needle in a controlled, filamentous manner to fabricate a 3D architecture [16] . To ensure printability and minimize cell damage, the viscosities of bioinks can range from 30 to N6 × 10 7 mPa·s [19] . More advanced features have been developed for extrusion printer cartridges and stages in an effort to improve the printing process. These advancements include the introduction of temperature-controlled cartridge (nozzle) or stage systems, multiple independently controlled nozzles or chambers, multiple direction-controlled nozzle or stage systems, and coaxial nozzle systems [16] . Parameters controlling the extruded filament dimension and resolution include: (i) the geometry of nozzle orifice (i.e., needle type and gauge number), (ii) printing speed, (iii) extrusion speed, (iv) printing temperature, (v) solidification method/ time, and (vi) the physiochemical properties of the bioink in interaction with substrate (e.g., polymer concentration, viscosity, shear modulus and surface tension) [16] . The most utilized bioprinting method for fabricating cardiac tissue constructs thus far has been extrusion-based bioprinting. This is largely due to the notable capability of extrusion bioprinting to deposit physiologically relevant CMs densities in the engineered tissue construct (10 8 -10 9 cells/mL). Other major advantages for extrusion based bioprinting for cardiac tissue engineering include a wide selection of usable bioinks, fast bioprinting times, ease of operation, and greater affordability in comparison to other bioprinting methods. One major challenge, however with this printing method, is that only high-viscosity bioinks are suitable for printing, which often results in nozzle clogging, poor initial cell survival, and other damages to cell morphology/functions. Regarding cardiac bioprinting, the highviscosity materials may hinder the gap junctions among bioprinted cells, electrical conduction, and even contractile functions [16] .
Stereolithography based bioprinting
Stereolithography based bioprinting (vat photopolymerization) implements laser energy (UV, visible light or near-infrared light) to crosslink cell-laden bioinks in a reservoir, allowing the molding of high-precision patterns in order to form 3D constructs [16, 76, 78] . The beam-scanning technique (also called laser direct writing), uses a laser beam to scan photocurable bioinks for solidification of a 2D patterned layer, thus creating 3D structures [16] . In Mask-image-projection printing, another stereolithography printing system, a defined mask image is dynamically generated and projected onto the surface of photocurable bioinks using a digital light procession (DLP) technique [16] . The projection can solidify an entire 2D patterned layer simultaneously, and thereby produce complex 3D constructs [16] . The print resolution is largely dependent on irradiant exposure conditions, and the selection of a photo-initiator or any UV absorbers [16] . Generally, the main advantage of this technique is its ability to fabricate complex designs with high resolution (10-100 μm, depending upon the type of photocrosslinkable polymers), and to print numerous biological materials with a wide range of viscosities (1-2000 mPa·s). However, this technique is only suitable for photopolymerizable bioinks. Compared to other bioprinting techniques, especially for cardiac bioprinting, the nozzle-free approach avoids possible clogging and cell damage by shear stress, and facilitates the deposition of high cardiomyocyte densities. Considering that the free radicals induced by photopolymerization or UV light can damage resin encapsulated cells, the utilization of a cytocompatible photo-initiator and optimized printing parameters are necessary for maintaining cell viability, phenotypes, and function. Additionally, other challenges for stereolithographic bioprinting include: high equipment costs, large time expenditure in printing, difficulties in multicell/multi-material constructs, and the uneven mechanical strength or undesired 3D structures/patterns of constructs associated with repeated laser exposure [16] .
Elements and strategies of 3D bioprinting cardiovascular system
Regeneration of a tissue or organ, including its cellular and extracellular components, requires accurate recapitulation of specific cellular structures and functions. As such, a complete understanding of tissue components, structures, and micro-environments is fundamental to the construct design process. This process includes considerations for the specific organization of various cell types, composition of the ECM, placement and arrangement of gradients of biological molecules, as well as the integration of native biophysical information [16] . Therefore, appropriate bioink selection (i.e. various cell types, biomaterials, and biochemical signals), topological/structural characteristics, as well as mechanical and electrical cues are essential for the successful fabrication of engineered cardiovascular constructs.
Cell sources
Prior to 3D cardiovascular bioprinting, cell based regenerative therapies have been considered as an alternative, and useful strategy for the management of patient heart failure. These cell-based therapies have included: (i) direct injection, (ii) cell sheet engineering, (iii) 3D cell organoids, (iv) injectable hydrogels, (v) cardiac patches, and (vi) engineered scaffolds, among others [2, 11, 12, 14, 46, 60, 79] . Compared to these methods, 3D bioprinting can provide essential environmental parameters for expanding cell populations and influencing cell behaviors. In cardiovascular bioprinting, cells (re-)vitalize 3D matrices and buildup extracellular matrix components, as well as associate upon bioink degradation through their proliferative activity and differentiation. As such, these cells effectively regenerate, remodel, and construct new tissues, respectively. An appropriate cell population from a safe source is critical for an effective regenerative therapy; especially for cardiac regeneration [9, 59, [80] [81] [82] [83] [84] [85] [86] . Therefore, some cell source requirements need to be taken into account: (i) a cell source should be easily accessible and ideally of autologous origin; (ii) the harvested cells should quickly proliferate and be easily differentiated into a desired cell type, or-if already differentiated-should preserve their cellular phenotype and function, and (iii) they should not transmit pathogens and should be non-antigenic. Currently, there are few studies related the comparison of different cell types when different printing approaches are utilized.
FBs, ECs, CMs, SMCs, and specialized conducting cells (including pacemaker and Purkinje cells) form the cellular bulk of the heart [53, 87] . Differentiated FBs, SMCs, and ECs derived from either immortalized cell lines or primary cells isolated from multiple species have a high proliferative capacity, and are broadly used for cardiovascular regeneration [2] . However, CMs show no, or very limited and slow proliferation, leading to insufficient cell numbers in use. Therefore, stem cells, including embryonic stem cells (ES), adult stem cells (i.e. cardiac stem or progenitor cells, bone marrow-or adipose-derived mesenchymal stem cells), and induced pluripotent stem cells (iPS cells), have widely been used and differentiated into these different cardiac cell types for experimental and clinical applications [9, 14, 59, 81, 88] . The majority of these cell types is produced preclinically and is relatively safe and effective in clinical practice.
Mesenchymal stem cells (MSCs). Mesenchymal stem cells (MSCs)
or stromal cells traditionally isolated from bone marrow, umbilical cord tissue, adipose tissue, tooth bud, amniotic fluid, and peripheral blood have a high clinical potential. This is attributable to their abundant availability, ease of accessibility, notable safety, and in particular, to their immunosuppressive profile [85] . Several studies have shown that the cardiac differentiation capacity of MSCs is very low, and can only assume cardiomyocyte-like cell fates. Interestingly, the limited differentiation capacity of MSCs seemingly has minimal impact on the therapeutic effects cell therapy confers on the infarcted heart. Therefore, paracrine effects (e.g. secretion of cytokines, angiogenic and antiapoptotic factors) appear to be the major mechanism of action of MSCs after transplantation, while the evidence of MSCs trans-differentiation into functional CMs remains controversial [85] . Therefore, MSC's suboptimal capability for cardiac differentiation has limited the primary use of these cells in cardiac tissue models [2] .
Cardiac stem cells (CSCs).
Cardiac stem cells are tissue-specific stem progenitor cells, which are harbored within the adult mammalian heart [89] . Since resident cardiac stem cell populations were isolated and identified, there has been accumulating evidence regarding the heart bearing its own regenerative potential. Thereby, this endogenous source of stem cells seemingly can provide for new opportunities and approaches for CVD treatment and myocardial repair [86, 90] . Following the associated protocols, CSCs can be isolated, amplified in vitro, and induced to differentiate in response to growth factors, and are able to generate the major cell types of the myocardium including myocytes, smooth muscle cells, and endothelial vascular cells [91] . For clinical use, CSCs may be isolated from the human heart using a minimally invasive biopsy procedure, therefore the autologous approach would minimize the risks of immune rejection and teratoma formation [92] . To further exploit the clinical potential, feasibility, and long-term efficacy of endogenous CSC therapies, their exact mechanistic contributions to myocardial repair and regeneration still needs to be elucidated.
Embryonic stem cells (ESCs).
Embryonic stem cells (ESCs) are pluripotent stem cells derived from the blastocyst stage of early mammalian embryogenesis, and are able to differentiate into any cell type [93] . As such, ESCs can differentiate and propagate, devoid of reprogramming induced genomic alterations and mutations [94] . Embryonic stem cell therapies have been utilized largely because of the unlimited selfrenewal capacity of ESCs, and as such, their use presents an ideal option for regenerative medicine. Notably, they exhibit a highly-regenerative potential for generating CMs with a complete phenotype [95] . In several studies, ESCs have been verified to improve cardiac function and survival for the treatment of MI [96] . However, several limitations and challenges impede their broader clinical uses, including limited differentiativecontrollability in vivo, tumorigenicity, immunogenicity, and ethical implications [96] .
Induced pluripotent stem cells (iPSCs). Similar in characteristics to
ESCs, induced pluripotent stem cells (iPSCs), also known as pluripotent stem cells, are capable of differentiating into all cell types of the three germ layers (including functional CMs (iPSC-CM)) [97] . Differentiation protocols have been published for CMs, FBs, endothelial, and epicardial cells. Therefore, iPSCs now offer the opportunity to produce all the essential cellular components of the cardiovascular system in vitro [98] . IPSCs can be directly generated from the reversal conversion (reprogramming) of adult mature cells (FBs, keratinocytes, peripheral blood cells, or renal epithelial cells) via retroviral transduction of stemness transduction factors, such as Oct 3/4, Klf4, Sox2 and c-Myc, as well as using chemicals and reprogramming proteins [99, 100] . As cardiomyocyte differentiation efficiency increases and new purification techniques develop, in vitro studies may generate a pure population of iPSC-CMs [12] . In addition to in vitro studies, the transplantation of iPSCs in the infarcted myocardium has also shown their ability for differentiation into CMs in preclinical studies [99] . The ability to derive iPSCs from readily available autologous cells of patients, as well as their pluripotency, has made iPSCs culturing a potential solution to the problem of obtaining large numbers of human cells, while avoiding the ethical and immunological issues of ESCs [87] . However, significant utility and safety issues, such as low efficiency, incomplete reprogramming, high tumorigenicity, and genomic insertion, remain unresolved and limit their current clinical applicability [99] .
Endothelial cells (ECs), hematopoietic stem cells (HSCs), and endothelial progenitor cells (EPCs).
ECs line the entire circulatory system, from the heart to the smallest capillaries, comprising up to 40% of the cell population of the heart [101] . They play important roles in barrier functions between the myocardium and blood, as well as buffering against thrombosis, inflammation, angiogenesis, vasoconstriction and vasodilation. The interactions between ECs and CMs play critical roles in cardiomyocyte survival and contractility [12] . Endothelial dysfunction is regarded as a key early event, or main cause in the development of atherosclerosis, MI, and other CVDs [102, 103] . In cardiovascular regeneration, vascularization is arguably the most important issue. The primary sources of ECs utilized experimentally are from the aorta and human umbilical vein, however, autologous cell sources such as iPSC-derived ECs or blood/bone marrow-derived endothelial progenitor cells, are more likely to be applied clinically due to their non-immunogenicity [87, 93] . The source and phenotype of the ECs may also play an important role in their function, as ECs differ in functionality between different organs, but also within different parts of the heart [12, 93] . Thus, further characterization may be necessary to assess the functional phenotypes of ECs in the context of the cardiac micro-environment [12] . Endothelial progenitor cells (EPCs) are a circulating, heterogeneous cell population most likely originating from the bone-marrow. EPCs are mainly considered to support endothelial regeneration and angiogenesis, as well as promote differentiation towards ECs and active cardiomyocytes [104, 105] . Hematopoietic stem cells (HSCs) which are defined by the surface markers CD34 and CD133 have been demonstrated to be effective in improving cardiac function [106] . Interestingly, this HSC conferred improvement of cardiac function is also associated with an increased neovascularization and less fibrotic remodeling, as opposed to the transdifferentiation into cardiac myocytes [107, 108] .
3.2.1.6. Cardiac fibroblasts (FBs). Cardiac FBs constitute a significant portion of the cells in the adult mammalian heart (45 to 70%), exceeding in number that of CMs [12, [109] [110] [111] . They occupy the connective tissue space between CMs, playing several key roles in cardiac development and physiology (i.e. ECM remodeling, paracrine signaling, mechanosensing, and electrical coupling) [12] . Cardiac FBs regulate ECM synthesis and degradation which can be affected by external factors, which involves the deposition and remodeling of collagen, fibronectin, fibrillin, elastin, periostin, proteoglycans, and glycoproteins [12, 109, 112] . Additionally, cardiac FBs can be reprogrammed into adult cardiomyocytes, and also directly coupled with CMs (even up to 300 μm in distance in vitro), utilizing connexins to allow propagation of electrical signals [12, [113] [114] [115] [116] . The fibroblast-cardiomyocyte coupling largely affects the electrophysiological properties of CMs, affecting electrical conduction speed, resting membrane potential, repolarization, and excitability [12, 111, 116] . In the future, the mechanisms and behaviors of cardiac FBs in vivo need to be studied for directing in vitro applications.
3.2.1.7. Coculture. To succeed in engineering cardiac tissues with physiological structures and functionality, the full array of cell types and relevant cell quantities that compose the heart is required. The presence of non-CMs, such as MSCs, ECs, and FBs, can improve cardiac tissue formation [12, 52, 93] . Thereby coculture systems are necessary to develop the complicated physiological features requisite for cardiovascular regeneration and drug screening. Although many functions of non-CMs in the native cardiac tissue have been elucidated, co-culture investigation of non-CMs functionality and interactions has largely been unexplored in vitro.
Most efforts at co-culturing endothelial-cardiomyocytes have focused on the goal of generating vascularized cardiac tissue scaffolds [9] . Importantly, micro-physiological systems cannot only capture paracrine effects in co-culture, but also offer an opportunity to investigate 3D contact-mediated signaling pathways as well [12] . Stromal cells or MSCs have been used in coculture with CMs and ECs to improve cell viability, myogenesis, angiogenesis, cardiac contractility, and other cardiovascular functions [81, 85] . Incorporating cardiac FBs in coculture models has also shown a beneficial result for improving cardiac mechanical properties, increasing electrical coupling, and beating contractility [116] . Moreover, neuronal cells should be incorporated into the coculture system in future studies as well. The neuronal cells can release biological compounds such as catecholamines and acetylcholine which directly regulate CM function through the sympathetic innervation of the ventricles in the native tissues [12, 53, [117] [118] [119] .
A systematic analysis of the minimal effectiveness of cell source, cell population, and cell ratio is necessary, but is likely difficult to assess in vitro or in animal models. The question of the minimum cell requirements for in vitro cardiac tissue constructs is especially interesting, as there has been no established correlation between cell/graft parameters and functional recovery to date. Additionally, the choice of medium is crucial for the formation of engineering tissue, especially for coculture systems where different cell types require different nutrients and growth factors [12] . Therefore, the choice and optimization of media composition which improve physiological functions of CMs and other cardiac cells grown in vitro, will be crucial for generating microphysiological models [12] .
Extracellular matrix (ECM) environment
Engineering a 3D cardiac construct with physiological microenvironments and cell morphologies in vitro is a significant challenge, as mentioned previously. The complexity of cardiac construct design is further compounded by considerations that must be made with regards to the intricate ECM in which cultured cells reside. As such, matrices serve as the structural backbone for the tissue constructs, and provide guidance and anchorage for the encapsulated cells [120] . Natively, tissue matrices are subject to dynamic tissue remodeling through both the situation-adapted synthesis and degradation of their components. As such, cell matrices, including those of the developing cardiovascular system, must exhibit biochemical and biomechanical characteristics which promote tissue proliferation and restructuring [121] [122] [123] . Therefore, an ideal printed cardiac matrix construct should exhibit the following characteristics: (i) it should be biocompatible, biodegradable, nonantigenic and immunogenic (ii) it should be supportive of cellular growth/arrangement, (iii) have physiologically relevant mechanical properties, and (iv) possess a 3D biomimetic tissue architecture to facilitate efficient vessel networking and successful vascular integration in vivo.
3.2.2.1. Bioinks. Bioinks play a major role in creating 3D tissue models, as they not only support cell growth, but also provide physiologically relevant (biochemical, biomechanical, bioelectrical) cues, transmit cell loads, and can be degraded and replaced over time by cell-secreted ECM proteins [2, 16] . Soft biomaterials (mostly hydrogels) are classified as being either naturally occurring or synthetic polymers. Natural materials and their derivatives are often isolated from bacterial, plant, animal, or human cells and tissues, while synthetic materials (water-soluble and solidifiable polymers) are manufactured [16, 124, 125] . The advantages of natural polymers are in their similarity to human ECM, and their inherent bioactivity and biocompatibility [16] . However, their disadvantages are in their immunogenicity, weak mechanical strength, and lack of control in composition/molecular weight [16, 124, 125] . Comparatively, synthetic polymers can achieve specific physiochemical properties for targeted tissues requirements, including adjustable molecular weights, chemical structures, and functional groups, as well as bioactive anchorage sites [16, 124] . For cardiovascular bioprinting, soft biomaterials can recapitulate the native elastic modulus and components through optimizing the bioink chemistry, bioink concentration, and crosslinking chemistry. As such, soft bioinks are able to reliably mimic the native physical properties of cardiac tissues and vasculature in the body. In turn, several functionalized polymers can be considered in bioink design, including conductive or electroactive materials, nanomaterials, protein and peptide-bearing materials, as well as other bioactive materials [57, [126] [127] [128] [129] [130] [131] [132] [133] [134] [135] .
Although both synthetic and naturally derived engineered cardiac scaffolds or patches have been extensively studied, the majority of 3D cardiovascular bioprinting efforts have focused on natural materials [7, 24] . Specifically, ECM proteins such as collagen, fibrin, elastin, laminin, and fibronectin have been found not only to contribute to structural strength and compliance, but also improve vessel formation [121] . Another biomaterial option is decellularization of allogenic or xenogenic tissues, which contain a variety of proteins, proteoglycans, and glycoproteins [16] . As such, these decellularized extracellular matrices (dECMs) have been used as bioinks, and have shown their ability to recapitulate tissue-specific components in 3D printed tissue products [136, 137] . Although the ethical issues of using non-human primate organs have been largely circumvented, the use of dECMs raises other concerns that must be addressed [87] . These concerns include notable dECM elicited immunogenicity (largely due to the presence of the oligosaccharide galactose (α (1,3)-galactose (α-gal) epitope), and toxicity (owing to the retention of the decellularization detergents) [87, 136, 138] . Additionally, Matrigel can be often used as a supplemental material to increase cell viability and attachment due to its various growth factors and matrix components, however, it cannot be used for in vivo study due to its non-human(mouse) tumor-based origin [2] . Moreover, a high degree of natural material variability associated with Matrigel is of major concern, since it will ultimately affect cellular responses and tissue formation [2] . This variability in cellular response can further alter functional readouts, such as varied contractile force. Therefore, standardized assays for the requirements of bioink consistency, reproducibility, and high-throughput capability need to be established [2] . To overcome the limitations of natural bioink material printability and other physiochemical properties, chemical modifications to bioink composition have succeeded in adjusting ink viscosity, optimizing degradation and swelling behaviors, and increasing mechanical strength, among other improvements [16, 124] . Matrix mechanical properties can influence vascular network formation and sprouting density, as well as cardiomyocyte alignment and maturation. Moreover, bioinks can deliver bioactive compounds, small molecules, proteins, or genes in a controlled fashion, for improving cardiac regeneration.
Architectural design.
Another important prerequisite for the generation of tissues is an appropriate structural design. The fundamental requirements for designing 3D cardiovascular tissue constructs are that they must: (i) recapitulate the native 3D hierarchical fibrillar structure, (ii) possess biomimetic, perfusable vasculature, and (iii) demonstrate electromechanical integrity and conductivity [2] .
Within the heart, cardiac muscle fibers are surrounded and coupled by endomysial collagen sheaths that are bundled within a honeycomblike network of undulated perimysial collagen fibers [139] [140] [141] . These structural features yield directionally dependent electrical and mechanical properties, termed "cardiac anisotropy" [139] . The anisotropic architecture enables efficient pumping of blood, as is conferred by the fiber angle and orientation of CMs, achieving the maximal ejection fraction. If the orientations of CMs are not well aligned, the orderly propagation of force generation and electrical signals will not be well established. Therefore, to achieve oriented myocardial fiber distributions, an optimal in vitro model would need to incorporate the cardiomyocyte growth into an in vivo-like cardiac tissue microstructure. This would allow for precise control over cell alignment, cell-cell interactions, ECM composition, and microenvironment geometry [2] . The relevant topographic tissue cues have been widely studied in 2D patterning culture previously [139, 142, 143] . Significant observations in calcium handling, action potentials, conductional velocities, cardiomyogenesis and myofibrillogenesis have been shown to better resemble the native myocardium in aligned CMs as compared to those grown in randomly oriented cultures [2] . Microfabrication-based patterning techniques (such as surface topography, micromolding/microchannels, microcontact printing, sacrificial template methods, high temperature molding, and laser patterned electrospinning), have been developed in some pioneering studies to confine colony geometry, regulate cell morphology and functions, and support high-throughput analysis [2] . However, these 2D culture systems lack the full architecture and functionality of 3D human tissues and organs [2, 139, 142, 144] . Alternatively, 3D bioprinting not only can accomplish this anisotropy in 3D architecture, but also cells can be directly encapsulated into the constructs to form cellularized tissue.
Moreover, the heart is among the organs with the highest ratio of vessels to CMs, where capillaries sprouting from large vessels are adjacent to every cardiomyocyte, continuously providing oxygen and nutrients to the tissue [16, 93] . Although hydrogels have a high capacity of water absorption and exchange, their limited diffusivity affects the cell viability beyond a critical thickness. Therefore, for the engineered tissue constructs, porous or channel design is another structural element that has a significant effect on the potential for vascularization. Pore size and internal pore organization can influence nutrient diffusion, as well as in vitro cell growth, proliferation, and migration. Pore size is also important for biodegradation dynamics in vivo, structural and mechanical stability, cell infiltration, rapid vascular ingrowth, and ECM secretion. For successful cardiomyocyte transplantation, vascularization is essential for the survival and function of larger scale, thick engineered cardiac tissues after implantation [93] . Additionally, successful integration within the host will also depend on rapid initial vascular anastomosis and longterm integration with host vasculature [145] . Surgical connection of fragile engineered tissues to the high-pressure circulation of the in vivo system, is a huge problem for any vascularization approach. However, this issue can be mitigated by incorporating robust, perfusable vessels in the 3D architecture. Currently, most studies on pre-vascularization focus on simple patterns, or capillaries in the cardiac constructs. As such, perfusable vasculature with complex hemodynamic capacity remains to be developed within thick cardiac constructs.
Biochemical and biophysical stimulation
The heart is a mechanically active organ, wherein CMs are subjected to mechanical and electrical signals [146] . Within the heart, the main types of mechanical loading are the wall shear stress caused by blood flow, and the strain caused by blood pressure and myocardial contractions [146] . During heart development, cardiogenic cells undergo a complex series of structural changes, which are significantly affected by hydrodynamic forces and mechanical strain, ultimately resulting in their adult phenotype [2] . Complex loading patterns coordinate the form and function of the heart throughout its development: from the linear tube, through the stages of looping, the establishment of chambers, and the initiation of the pumping function. Therefore, heart function strongly relies on appropriately timed electrical signals, which synchronize mechanical contractions of the muscle and pumping of the blood [146] .
In vitro, CMs retain a relatively immature phenotype and exhibit incomplete functions, such as reduced electrical excitability, impaired excitation-contraction coupling (ECC), and incomplete adrenergic sensitivity [2] . To accelerate the maturation process, advanced bioengineering approaches focus on providing relevant environmental motifs via bioreactor or stimulation settings, including: biochemical, topographical, mechanical, and electrical signals [146] [147] [148] . Based on biological principles, these engineering designs attempt to recapitulate some of the crucial physiological events to improve the matrix reorganization during cardiovascular development. These relevant physiological events and characteristics include anisotropic cell alignment, biochemical factors with spatiotemporal distribution, hydrodynamic forces associated with perfusion, rhythmical mechanical stretch, and pulsatile electrical stimulation [146, 148, 149] (Fig. 1) . These in vitro platforms for improving engineering cardiac tissue maturation aim to achieve several special features of the heart: (i) ECC, (ii) synchronous contractions and signal propagation, (iii) effective exchange of nutrients and metabolites, (iv) pumping with sufficient ejection fraction [146] . We expect these biochemical and biophysical stimulation aspects would in turn be considered and applied for current 3D printed cardiovascular research.
Biologicals and chemicals.
In addition to the matrix composition in the heart, several chemicals or biological agents are employed to improve the maturation of engineered cardiac tissue [52, 126, 147] . Some factors were identified early as important components for inducing maturation of CMs from different sources such as: supplementation of an oxygen carrier, perfluorocarbon (PFC), media supplementation with L-thyroxine or, replacement of serum, triiodothyronine (T3) and hydrocortisone, as well as B-27 Supplement, cytokines, retinoic acid, and growth factors (such as Activin A, bone morphogenetic protein 4 (BMP4), fibroblast growth factor (FGF), vascular endothelial growth factor (VEGF), and others) [9, 12, 58, 147, 150] . As such, cardiomyocytes can be generated by reprogramming cells. Activin A and BMP4 are applied to induce a primitive streak-like population and mesoderm development; Dickkopf-related protein 1 (DKK1), and VEGF can be applied to enhance differentiation of progenitor cells into cardiomyocytes [46, 52, 151] . Phenylephrine (α-adrenergic receptor agonist) is thought to sustain the beating rate for CMs in vitro [12] . In the case of cardiac disease models, some drugs can be used to positively or negatively affect the response and development of cardiomyocytes. For instance, phenylephrine and/or angiotensin-II can induce hypertrophic growth of CMs in culture [12] . Proarrhythmic compounds, such as chromanol and erythromycin, can affect repolarization inhibition; E-4031, procainamide, sertindole, quinidine, and cisapride can inhibit repolarization; the cardiotoxic drug doxorubicin can affect force generation of cardiac tissue; Isoprenaline (isoproterenol) and carbachol can affect the spontaneous contractile rate [2, 152, 153] . Additionally, some drugs have been administrated to establish a tachycardiac model of arrhythmogenesis for in vitro, patient-specific disease modeling [2, 11, 12] . Moreover, 3D cultures have also exhibited higher IC50 values in drug screening studies, suggesting a better recapitulation of human physiology compared to those of their 2D counterparts. However, while the physiological functions of the secreted factors in the heart are well established, their significance in creating cardiac micro-physiological models remains unclear [12] .
Oxygen and oxidative stress.
Oxygen supplementation is indispensable for supporting cell viability and cardiac functioning in the heart [154] [155] [156] . Oxygen plays a crucial role in myocardial gene expression, as well as the generation of NO (nitrous oxide) and reactive oxygen species (ROS). It has been found that oxygen positively determines vascular tone, cardiac contractility, and cell signaling processes, as well as negatively induces irreversible cellular damage and death [155] . Several studies have shown that reduction of oxidative stress can affect cardiomyocyte proliferation and gene expression [157, 158] . Hypoxia can prolong the heart's regenerative capacity in newborn mice, and the inhibition of aerobic respiration by inducing systemic hypoxaemia can alleviate oxidative damage to DNA, thereby inducing cardiomyocyte proliferation in adult mammals [159] . Immature CMs are considered to be hypoxia resistant, and are able to develop without an apparent loss of function under anoxic conditions [15] . However, the maturation of CMs increases mechanical and electrical production, which may decrease resistance to hypoxia over time, and can lead to lower cell survival after implantation [148] . Due to the low solubility of oxygen in standard media, oxygen depletion becomes a serious problem in the micro-physiological systems that house 3D cardiac tissues, and may contribute to abnormal tissue function [12, 80] . Interestingly, in vitro culture incubated under 40% oxygen can improve the function of engineered cardiac tissue compared with the standard 21%, suggesting oxygen supplement plays a role in cardiac tissue engineering [80, 160] . Perfusion of media containing oxygen carriers, such as PFC, can significantly improve the contractility of engineered cardiac tissues in vitro [12, 161, 162] . However, for in vivo implantation purposes, vascularization is essential for generating and maintaining functional cardiac tissues.
Mechanical strain.
In previous studies, mechanical strain has been shown to be a significant parameter for cardiomyocyte alignment and tissue maturation in various engineered cardiac tissues [9, 80, 146, 163] . Strain can be employed by controlling the substrate properties of the constructs, such as the modulus and surface stiffness, or transferring external stimuli, such as compressive and tensile forces. Mechanical stretch is the most common method to generate contractile motion in vitro, which imitates the normal conditions of the heart contracting against the blood pressure [148, 149] . Additionally, the passive tension is able to induce anisotropic alignment of the CMs along with the force direction, which improves mechano-transduction and facilitates electrical conduction [146] . In previous studies, three major modes of strain loading have been reported: (i) a static model (constant stretch), (ii) a phasic model (cyclic stretch), and (iii) an auxotonic model (proportional resistance on a flexible base) [146] . Although the strain forms are different, they are successful in improving tissue maturation, and also in developing a positive force-frequency relationship for the bioengineered models. The maturation of CMs needs appropriate mechanical loading, whereas excessive loading can cause pathological hypertrophy and apoptosis [146] . The native contractile behaviors are based on binding of calcium to cardiac troponin [146] ; the mechanical strain enables the upregulation of cardiac troponin expression, the enhancement of contractile function, and the improvement of cytoskeletal and ECM organization.
Hemodynamics.
Hemodynamics are an essential epigenetic factor in the development of the electrical conduction (His-Purkinje) system in the heart [51, 146, 149] . Many studies have compared static and perfusable culture conditions during the generation of various vascularized constructs, especially for engineered cardiac tissue. These studies have shown increased cell viabilities, better tolerance for burst pressure, higher mechanical strength, angiogenic capability, and significant ECM collagen content under dynamic conditions [164] [165] [166] [167] . Perfusion allows for continuous nutrient circulation within engineered constructs beyond the diffusional penetration depth. Thus, allowing for the capability to cultivate a large-scale tissue/organ construct by improving cell viability, proliferation, differentiation, and ultimately vascular network formation [168] [169] [170] . The ability to perfuse vessel networks in engineered constructs is also critical for in vivo anastomosis upon implantation.
Bioreactor systems, which are used for the generation of blood vessels and engineered heart tissues, enable effective transport of nutrients, metabolites, regulatory molecules, oxygen, and simulate parameters of physiological dynamics, (e.g. pH, blood flow velocity, shear stress and shear rate, temperature and blood pressure), which are crucial for recreating the physiology of tissue being developed [168, 169] . Conventional bioreactor design consists of a tissue culture chamber or reservoir connected to a pump, process control unit, temperature controller, waste stream, gas source, pH adjuster, flow and pressure transmitters, and sensors [169] . Considerations for bioreactor design for cardiovascular tissue engineering must: (i) mimic pertinent physiological conditions that control cell growth, maturation, and phenotype; (ii) have controllable shear forces to prevent tissue damage; (iii) enable efficient transfer of homogeneous mixing of nutrients and gases; (iv) possess scalability potential into clinical use; and finally (v) allow development of full laminar flow to prevent downregulation of vascular markers that are often associated with turbulent flows. Additionally, a steady-state mathematical model accounting for diffusion, convection, and oxygen consumption by the cells, should be developed to relate oxygen and nutrient distribution within the tissue to flow parameters, channel specifications, and other parameters [146] .
3.2.3.5. Electrical stimulation and coupling. Rhythmic beating of the heart (or synchronous contraction of CMs) is initiated by the pacemaker cells in the sinoatrial node, and is propagated by electrical signals over the whole heart [146, 148, 149, 171, 172] . The electrical signals mainly depend on the voltage-gated calcium channels of the cell membrane, and are converted into mechanical responses through an ECC process [146, 148] . Engineered cardiac constructs also contract spontaneously, but at varying rates, and with some irregularity over time [173] . This arrhythmia risk can in turn lead to implantation failure [15] . Thus, electric coupling of the engineered cardiac tissue to the host myocardium is an essential component for successful autonomous integration into the physiology of heart contraction [9, 80] . The electrophysiological features or electrical properties of engineered cardiac tissues are considered to be an important indicator for cardiac maturation [174, 175] . In several studies, electrical stimulation has been used to induce myocyte alignment, promote cardiomyogenesis, increase junction protein expression, increase electrical coupling via Cx43 up-regulation, improve arrhythmia, and improve contractility for cardiac maturation [176] [177] [178] .
Electrical stimulation devices are able to deliver electrical signals throughout the engineered tissue constructs, such as in neural, bone, and cardiac tissues, helping to overcome the initial spatial heterogeneity and incomplete interconnectivity of cells within engineered tissues, as well as improving cell-cell communication and functions [146, [179] [180] [181] [182] [183] [184] [185] [186] . Different stimulus devices have been developed and applied in engineered cardiac tissue studies, and as such, the synchronization of electrical stimulation results in tightly coupled ECC mechanisms which are important for integration of the engineered tissue into the host myocardium [146] . It is likely that pulsatile signals enable a biomimetic cue in the developing engineered cardiac construct, and are considered critical for synchronous contractions of heart muscle [146, 177, 178] . Both echocardiography and electrocadiography analyses are useful in the evaluation of the electrophysiological characteristics of engineered cardiac tissues [87] . A continual monitoring of wave morphology of these analyses indicates the ECC effect, intimating the development of functional cellular contractile signaling. For studies performed in vitro, calcium transients are often quantified using Fluo probe, as it is an effective means for evaluating the electrical coupling of CMs in the engineered constructs. Currently, evaluation of electrical coupling to the host myocardium is technically challenging. Genetically modified cells expressing calcium sensors such as GCAmP (genetically encoded calcium indicator) represent the gold standard for the evaluation of electric coupling. Voltage-sensitive dyes or transgenic voltage sensors may also be good tools to analyze action potential propagation within the transplanted cells or constructs [146, 174, 175] .
Regeneration and pharmacological study of 3D bioprinted cardiovascular models
A variety of cardiovascular devices and tissue models have been developed using 3D printing techniques including patient-specific surgical visualization models, engineered cardiac tissue implants (patches or constructs), pharmacological studies (disease models, drug screening platforms or drug delivery systems), bioelectrical or mechanical devices, sensors, and actuators. The numerous advantages and achievements in the biofabrication of tissue constructs accelerate the discipline inexorably towards clinical application. In this portion of the review, we will focus our discussion on the advancements in 3D bioprinting cardiovascular tissue models (i.e. cell laden or supported models) in terms of development towards to regenerative and pharmacological applications.
Bioprinting cardiovascular tissues for regeneration
Currently, bioprinting research for cardiovascular tissue regeneration largely focuses on the myocardium, heart valves, and vasculature. Whether fabricated from synthetic materials or biological components, a wide variety of cardiovascular implants require the incorporation of biomimetic or physiological characteristics into their structures and subsequent functionalities.
Myocardium
To demonstrate the potential as a tissue printing technique, LaserInduced-Forward-Transfer (LIFT) based cell bioprinting was first used to fabricate ECs and MSCs laden polyester urethane urea (PEUU) cardiac patches. The patterned patch showed enhanced angiogenesis in the border zone of infarction, and preserved cardiac functions after acute MI, compared to the non-patterned patch. [187] (Fig. 3A-C) . After which, extrusion-printing was also used to fabricate cardiac patches, wherein subsequent cell viability, proliferation, and cardiac differentiation was investigated [188, 189] (Fig. 3D-J) . The results of incorporation of human cardiac-derived cardiomyocyte progenitor cells (hCMPCs) with either alginate or hyaluronic acid/gelatin bioinks, suggested the hCMPCs were more likely to differentiate into CMs in 3D conditions compared to 2D cultures. After implantation into a mouse MI model, the transplanted cells were able to survive for up to one month and improve cardiac function. However, depreciated migration of implanted cells was also observed. Additionally, a dECM bioink was used to print the cardiac tissues [190, 191] (Fig. 4A-I) . The pre-vascularized patch was developed through spatial organization of cardiac progenitor and mesenchymal stem cells/VEGF. After implantation, promoted vascularization, prolonged cell survival, and tissue remodeling was observed at the injured myocardium. Recently, based on microfluidic 3D technology, an endothelialized myocardium scaffold was fabricated by a two-step method [192] . ECs were encapsulated within the bioprinted anisotropic microfibrous lattices to induce their migration towards the inner surface of the microfibers in order to form the endothelium. After which, CMs were grown onto the fibers' outside surface. When combined with microfluidic perfusion, the resulting endothelialized-myocardium-on-a-chip platform was adopted to screen pharmaceutical compounds for their cardiovascular toxicity [192] . A 3D bioprinted micro-channeled gelatin hydrogel was fabricated to promote MSCs myocardial commitment and support native CMs contractile functionality [193] . This study suggested the effects of topographical control over MSC and CM behaviors, which is beneficial for generating in vitro cardiac model systems. Hibino et al. developed a novel method "free of biomaterials" to deliver stem cells using 3D bioprinted cardiac patches [194] . iPSCCMs, FBs, and ECs were aggregated to create mixed cell spheroids for the cardiac patch printing. Cardiac tissue patches beat spontaneously, and exhibited ventricular-like action potential waveforms and uniform electrical conduction. Conduction velocities were higher and action potential durations were significantly longer in patches containing a lower percentage of FBs. In vivo implantation also intimated the successful vascularization of 3D bioprinted cardiac patches with engraftment into native rat myocardium [194] .
Additionally, multiphoton-excited 3D printing was used to generate a native-like extracellular matrix scaffold with submicron resolution, and was able to achieve the individual cell interaction [98] . CMs, smooth muscle cells, and ECs were differentiated from human iPSCs to fabricate the cardiac patch. After 4 weeks post-implantation, cardiac function, infarction size, apoptosis, and vascular density were significantly better in cell-laden patches than in cell-free patches. Currently, the freeform reversible embedding of suspended hydrogels (FRESH) technique (i.e. extrusion into a support hydrogel) offers a potential approach to generate a large-scale and complex, 3D construct of both internal and external anatomical architectures of the heart [195] . It was developed to create a 3D heart construct of a 5-day-old chick embryo in a gelatin slurry supported by the incorporation of a fibrinogen-collagen-Matrigel bioink with C2C12 myoblasts. Thus, this construct effectively demonstrates the unique capability of bioprinting to print the complex trabecular structures of a whole heart through CAD modeling while using remarkably low-viscosity bioinks that would otherwise not be printable [195] . Atala et al. also developed a contractile cardiac tissue construct with cellular organization, uniformity, and scalability through a 3D bioprinting approach [196] . The bioprinted cardiac tissue constructs were fabricated by processing three key components: a primary cardiomyocyte laden fibrin-based hydrogel, a sacrificial hydrogel, and a supporting polycaprolactone (PCL) polymeric frame. The cardiac constructs exhibited a spontaneous synchronous contraction in culture, and also displayed physiological responses to known cardiac drugs in terms of beating frequency and contraction forces [196] . A nanoreinforced hybrid cardiac patch laden with human coronary artery endothelial cells (HCAECs) was fabricated by UV-assisted 3D bioprinting to improved electrical, mechanical, and biological behaviors [197] . A safe UV exposure time with insignificant effects on cell viability was identified for methacrylated collagen (MeCol) micropatterning. Carboxyl functionalized carbon nanotubes (CNTs) were incorporated in alginate framework to increase mechanical strength and electrical behavior. Results showed that CNT-reinforced hybrid implants remarkably improved cell elongation and attachment, and promoted HCAEC proliferation, migration, and differentiation represented by lumen-like formation in the implant within 7-10 days in vitro [197] . Although some studies, including in vitro and rodent models, have shown the various advantages of 3D bioprinted myocardium constructs, long-term [187] . (B) Arrangement of transferred cells by LIFT observed after 24 h: Human MSC were pre-stained with PKH26 and patches were stained with polyclonal goat anti-Pecam1 24 h after LIFT to separate grid patterned HUVEC [187] . (C) Patch implantation in vivo: After LAD-ligation rats received the cardiac patch sutured onto the area of blanched myocardium [187] . (D) Seven rows of Hy-Stem/CMPCs mixture were printed at a distance of 2.5 mm from each other, both horizontally and vertically [189] . (E) Live-dead assay performed 2 h after printing showed the vast majority of CMPCs to be alive (green) and only a few were dead (red), scale bar 1000 mm [189] . (F) In vivo CMPC survival. Assessment of cell survival by bioluminescent imaging showed no significant decrease in luciferase positive signal over 1 month [189] . Transplanted scaffolds were visible in all treated mice as a patch on the infarcted area of the ventricular wall both at 1 (G) and 4 (I) weeks [189] . The presence of human transplanted cells was confirmed by immunofluorescence analysis for human-specific b-integrin (H) and human Lamin A/C (J), which reveled robust presence of CMPCs inside the matrix at all time points [189] .
experiments and large-scale animal models are still necessary to rectify several clinically relevant deficiencies and questions such as mismatched heart features, and potential construct oncogenicity/pathogenicity, as well as overall construct therapeutic efficiency.
Most recently, a novel 4D hierarchical micropattern using a unique photolithographic stereolithographic-tandem strategy (PSTS) was developed for effectively regulating cardiomyogenic behaviors of MSCs [37] . Results showed MSCs actively grew with highly aligned micropatterns for significantly improving cardiomyogenesis. The immediate postprint 4D self-folding of the construct enabled reprogrammable transformation of the cardiac patch for better dynamic integration with damaged heart tissue [37] . This pioneering study demonstrates that the advanced 4D dynamic feature may provide seamless structural integration with damaged tissues or organs, and provides a proof-of-concept 4D patch for cardiac regeneration. With the encouraging results of this bioprinting study, we expect that the revolutionary 4D bioprinting approach can not only perform the dynamic contractile behavior requisite for regulating cardiomyocyte functions, but also can create a wholly-functional artificial heart.
Cardiac valves
In addition to myocardial damage, valvular heart diseases (e.g., valvular stenosis and hardening due to calcification) represent another significant cause of heart failure. 3D valve bioprinting has been explored as an alternative methodology to address the weaknesses (such as durable property, anticoagulation, patient-specific, and physiological characteristics) of traditional mechanical or bio-prosthetic valve replacements. A heterogeneous aortic valve scaffold was 3D photocrosslink-printed by incorporating poly(ethylene glycol)-diacrylate (PEG-DA)/alginate hydrogels with porcine aortic valve interstitial cells (PAVIC) seeding [198] . The native anatomic and axisymmetric aortic valve geometries (root wall and tri-leaflets) with 12-22 mm inner diameters were quantified and compared using Micro-CT. The results of the study showed that the scaffolds could achieve an over tenfold range in elastic modulus, considerable shape fidelity, and high cell viability. Additionally, aortic heart valves (constructed with alginate-gelatin bioinks encapsulating human aortic root sinus SMCs (for the root wall) and PAVICs (for the leaflets) along with methacrylated hyaluronic acid (Me-HA) and gelatin methacrylate (GelMA) bioink encapsulating human aortic valvular interstitial cells (HAVICs)), were also developed by extrusion bioprinting [199, 200] (Fig. 4J-K) . 3D bioprinting enabled an appropriate cell distribution, and through varying bioink components and concentration, the results showed a high ECM (collagen and glycosaminoglycans) deposition, upregulation of muscle actin, and a strong HAVIC phenotype. These early attempts in engineering valves primarily focused on structural, physicochemical, and biological properties, however, physiological functionality is the most important feature for clinical application, which needs to be further recapitulated in future studies.
Vasculature
Considering the limitations in autologous vascular grafts and the shortcomings of early engineered vessel grafts, 3D bioprinted vessels can replicate the anatomical, physiological, and biochemical properties of native analogues (particularly in creating small diameter (b6 mm) vessels) [16, 24, 76] . Vasculature in the circulatory system mainly involves coronary vasculature and microvasculature. Differing from the capillaries that rely on angiogenesis (native sprouting process) stimulated by existing vasculature, perfusable vasculature requires the [190] . (B) Heart tissue construct was printed with heart dECM (hdECM) [190] . (C) Representative microscopic images of hdECM construct (scale bar, 400 mm), Structural maturation of myoblasts in (D) COL and (E) hdECM construct showing Myh7 (red) and cell nuclei (DAPI, blue) (scale bar, 200 mm) [190] . (F) Illustration of pre-vascularized stem cell patch including multiple cell-laden bioinks and supporting PCL polymer [191] . (G) Fabricated patch including the two types of cell-laden bioink and PCL supporting layer (Scale bar (left top), 1 mm; Scale bar (bottom), 200 mm) [191] . (H) Optical image of prevascularized stem cell patch implanted into post-MI rat [191] . (I) Vessel formation in pattern C/M patch and migration phenomenon from patch to injured myocardium at week 8 (scale bar, 50 mm; S represents the strut of the PCL mesh; BV represents the newly formed blood vessels) [191] . (J) Bioprinting of heart valve conduit with encapsulation of HAVIC within the leaflets [200] . (K) representative image of immunohistochemical staining for α-SMA (green) and vimentin (red), and Draq 5 counterstaining for cell nuclei (blue) [200] . formation of endothelialized lining over the lumen [76, [201] [202] [203] [204] . In our previous review paper, we discussed three approaches for, and outlined both the advantages and weakness of manufacturing interconnected vessels, including (i) indirect bioprinting through utilizing sacrificial templates (a fugitive ink) that is removed to create hollow channels in a bulk construct; (ii) directly bioprinting interconnected channels in a construct, and (iii), direct bioprinting of a vasculature network or blood vessel in a tubular shape [16] . These important results have demonstrated the potential to generate tubular structures in small scales, however, several challenges still exist to translate these early successes for the ultimate clinical use [205] ; particularly in replicating multilayered (intima, tunica media, and tunica adventitia) and hierarchically scaled (tree like) structures with essential cellular components and physiological characteristics.
Bioprinting cardiovascular models for drug delivery, drug screening and disease detection
Before launching a new drug for market approval, the identification of suitable drug candidates requires the study of the molecular interactions with an associated biochemical target in the preclinical phase, validation of drug safety and efficacy through trial phases I-III, and long-term study of drug effects phase IV clinical trials. Although there have been many advancements in drug discovery and testing, several challenges still beset pharmaceutical development, such as long cycle times and high testing costs. The major problem is that in vitro toxicity and efficacy assays are challenging and have difficulty in accurately predicting in vivo results. Traditional 2D or 3D cell culture systems are unable to accurately recapitulate the in vivo physiological conditions of complex organ systems, and thus fail to provide accurate evaluations. Considering the numerous advantages for creating biomimetic structural, componential, mechanical, and cellular heterogenic characteristics, 3D bioprinting offers great potential to address the problem of the complexity, specificity, and reproducibility of 3D cellular niches for in vitro studies. Compared to the numerous other 3D tissue disease models that have developed, there are only a few current efforts aimed for the 3D bioprinting of CVD models (largely due to the complexity of cardiovascular system).
Recently, a muscle-powered, biological, microelectromechanical system (Bio-MEMS) was bioprinted to serve as a functional biosensor for efficient analysis of drug molecules [206] . An inkjet printer was modified to precisely align C2C12 cells onto cantilevers (biopaper) for the formation of confluent myotubes after 4 days of culture, while non-bioprinted cells were randomly distributed without formation of myofibers after 7 days. Moreover, myotubes also showed contraction upon excitation with an electrical pulse. After treatment with veratridine (VTD, an alkaloid neurotoxin), the construct lost synchronous contraction, and no further contractions were detected. The myofibers regained the ability of synchronous contraction upon electric stimulus after removal of VTD. The bioprinted Bio-MEMS demonstrated that this technique had the potential to incorporate functional biosensors, motors, and actuators as needed. As mentioned above, the endothelialized myocardium was created by microfluidic 3D technology [192] (Fig. 5A-H) . Researchers further embedded the organoids into a specially designed microfluidic perfusion bioreactor to complete the endothelialized-myocardium-ona-chip platform for cardiovascular toxicity evaluation. A common anticancer drug (doxorubicin), was applied to the test biomolecular deliverability and availability potential of the cardiac model. Both CMs and ECs showed dose-dependent responses towards the doxorubicin application. The beating of the CMs was significantly reduced compared to the control (without doxorubicin treatment) [192] . The results illustrate the endothelialized-myocardium-on-a-chip platform is an effective model for probing drug-induced cardiovascular toxicity, and has translational potential for personalized drug screening in the future. The researchers further reported a fully integrated modular physical, biochemical, and optical sensing platform through a fluidics-routing breadboard, which operates organ-on-a-chip units in a continual, dynamic, and automated manner. The new platform allowed for long-term monitoring of drug-induced organ toxicity in a dual-organ human liver-andheart-on-a-chip [207] .
In another study, a facile route for fabricating an instrumented cardiac micro-physiological device was developed via multi-material 3D printing [208] . Specifically, six functional inks were designed, based on piezo-resistive, high-conductance, and biocompatible soft materials. The design enabled integration of soft strain gauge sensors within micro-architectures that guide the self-assembly of physio-mimetic laminar cardiac tissues. The results showed these embedded sensors provide non-invasive, electronic readouts of contractile tissue stresses inside cell incubator environments [208] (Fig. 5I-L) . Moreover, the cumulative drug-dose studies were performed with the L-type calcium channel blocker verapamil and the β-adrenergic agonist isoproterenol. The negative inotropic and chronotropic responses for verapamil were observed, while positive responses were observed for isoproterenol. The expected positive and negative responses with apparent EC50 values were comparable to earlier data from engineered 3D tissues and isolated postnatal whole rat hearts [208] . Results demonstrated the instrumented cardiac micro-physiological devices with the integrated sensors drastically simplify data acquisition and long-term functional studies, enabling new insights into tissue morphogenesis, pathogenesis, and drug-induced structural and functional remodeling for in vitro tissue engineering, toxicology, and drug screening research [208] .
Conclusions and perspectives
The significant progress in cardiovascular bioprinting includes improved vascularization, cardiomyocyte alignment, control over heterogeneous structure, biomimetics, and proper mechanical properties as well as functionality. This progress thus demonstrates the potential ability to create an entirely large-scale, functional cardiovascular tissue. Bioprinting technologies also offer the possibility to generate miniaturizing tissue arrays in order to create organ-on-a-chip or microphysiological systems, which can be used to investigate the pharmacological and toxicological effects of drugs.
Cardiovascular constructs (i.e., vasculature constructs, myocardium, and heart valve conduits), have been successfully bioprinted with discrete structure and function. However, these techniques are still in their infancy and several challenges remain for generating cardiovascular analogs with full biological functionality and complex micro-architectures. Considering clinically relevant requirements, 3D bioprinting of cardiac tissue should focus on addressing six core design challenges through future studies. The first challenge is to obtain a sufficient number of human-derived cardiovascular cells and achieve physiological distribution of the associated cell types. Secondly, it is necessary to develop and optimize multiple bioinks to maintain different cell viability, phenotypes, and functionality. The third challenge is to develop new bioprinters with new print modeling, or/and improve the printing speed and resolution. The fourth major challenge is to create perfusable vascular networks in the thick constructs, which would be able to provide enough oxygen and nutrients under physiologic pressures in vitro and in vivo for improving functional and biomechanical integration with the host cardiovascular system. The fifth challenge is to balance among structural stability, degradation rates, flexibility, and proliferative space of the printed myocardial tissue for longer culture periods, ensuring cellular aggregation, intercellular connectivity, ECM deposition, and tissue fusion. Moreover, various bioengineering methods such as stress stretch, hemodynamics, and electric stimulation would be encouraged to promote effective tissue remodeling, ECC, and achieve physiological contraction. The sixth and final challenge is to conduct long-term in vivo evaluation of printed constructs, especially for large animal implantation. As such, long-term study would ensure the biological safety, availability, and fidelity of constructs before clinical trials. After addressing these challenges, we believe the whole functional cardiovascular system with more complicated, anatomical structure will be successfully created. Therefore, more research efforts should be dedicated to developing comprehensive techniques for cardiovascular bioprinting applications and further clinical use. [192] . (B) Confocal fluorescence micrograph showing the GFP-HUVECs in a single fiber for CD31, GFP, and nuclei [192] . (C) High-resolution confocal fluorescence micrograph showing the distribution of the HUVECs in a single microfiber at Day 14. Left: projection view; Right: 3D rendering of the tubular structure at the position of the dotted line [192] . (D) Immunofluorescence staining of sarcomeric α-actinin (red) and connexin-43 (Cx-43, green) of cardiomyocytes seeded on bioprinted microfibrous scaffolds, showing the sarcomeric banding [192] . (E) Schematic showing a native myocardium containing blood vessels embedded in a matrix of cardiomyocytes [192] . (F) Schematic and high-resolution confocal fluorescence micrograph showing an endothelialized myocardial tissue formed by seeding neonatal rat cardiomyocytes onto the bioprinted endothelialized microfibrous scaffold after 15 days of pre-endothelialization [192] . (G, H) Relative beating of the endothelialized myocardial tissues and the levels of vWF expression by the endothelial cells, respectively, upon treatment with different dosages of doxorubicin [192] . (I) The fully printed final device. Insert 1: Confocal microscopy image of immunostained laminar NRVM cardiac tissue on the cantilever surface. Blue, DAPI nuclei stain. White, α-actinin. Scale bar, 10 μm. Insert 2: Still images of a cantilever deflecting upon tissue contraction. Insert 3: Example resistance signal [208] . (J) Left, 1: Modified device cantilever containing micro-pin and micro-well to support thicker laminar NRVM tissue. 2: Detail of cantilever with micropins. 3: Still images of a cantilever deflecting upon tissue contraction. Right, 1: z-projection of immunostained thicker laminar tissue on the cantilever surface with micro-pin (scale bar, 30 μm). 2: x-z line scan of thicker laminar tissue in grooves (scale bar, 10 μm). Blue, DAPI nuclei stain. White, α-actinin. Red, actin [208] . (K, L) Dose-response curves for thicker laminar NRVM tissues. Stress values for thicker tissues assumed linear proportional to relative resistance change: σ~ΔR/R0. Stress normalized between maximal and minimal values [208] . (K) Dose-response curve for verapamil (n = 4). Error bars are s.e.m. Individual data points included (circles), tissue paced at 1. 
